Abstract-We present a conceptual design of a compact positron tomograph for prostate imaging using a pair of external curved detector banks, one placed above and one below the patient. The lower detector bank is fixed below the patient bed, and the top bank adjusts vertically for maximum sensitivity and patient access. Each bank is composed of 4 0 conventional block detectors, forming two arcs (44 cm minor, 60 cm major axis) that are tilted to minimize attenuation and positioned as close as possible to the patient to improve sensitivity. The individual detectors are angled to point towards the prostate to minimize resolution degradation in that region. Inter-plane septa extend 5 cm beyond the scintillator crystals to reduce random and scatter backgrounds. A patient is not fully encircled by detector rings in order to minimize cost, causing incomplete sampling due to the side gaps. Monte Carlo simulation (including randoms and scatter) demonstrates the feasibility of detecting and differentiating partial and whole prostate tumors with a tumor to background ratio of 2:1, utilizing the number of events that should be achievable with a 6-minute scan after a 10 mCi injection (e.g., carbon-11 choline or fluorine-18 fluorocholine).
I
. INTRODUCTION E present a conceptual design of a compact positron tomograph optimized to image the prostate. This instrument images radiopharmaceuticals that specifically localize in the prostate to confirm the presence, absence or progression of disease. It will have approximately 4 times less detectors than a conventional whole-body positron emission tomograph (PET), which will reduce the cost and increase clinical availability.
Prostate cancer has a prevalence and diagnostic rate similar to breast cancer, with 360,000 new cases diagnosed each year and 2 million men affected by the disease. Four percent of men over 50 will have clinically significant disease [1] . Currently, prostate cancer suspicion is typically based on an elevated prostate-specific antigen (PSA) level or a suspicious node found during a digital rectal exam. Serum PSA values do not always correlate well with clinical diagnosis or outcomes [2] [3] [4] . Palpation is subjective, insensitive and inexact; more than half of all cancers detected today are not palpable. Treatment decision is based mainly on biopsy confirmation of prostate cancer, but the diagnostic accuracy of prostate biopsies is problematic. Treatment usually consists of radical prostatectomy, external beam irradiation, brachytherapy (interstitial implantation of radioactive seeds), androgen ablation (hormone) therapy, or "watchful waiting". In some cases, radiation therapy is prescribed to the pelvis and/or prostate bed even without confirmation by biopsy or imaging [5] [6] [7] , despite the fact that irradiating a wide field in the pelvis (when disease is only suspected to extend beyond the known cancerous prostate) can lead to a higher incidence of post-irradiation morbidity than with irradiation of the prostate bed alone [8] . A major problem with prostatic cancer therapy is the question of when to treat or whether to treat at all. This is particularly problematic in the case of an increased PSA level after a prostatectomy. A new imaging technology for sensitive detection of early stage prostate cancer is needed to confirm PSA and help guide treatment decisions. In addition, a new method is needed to assess response shortly after treatment intervention.
In order to help meet these needs, we are designing a compact PET camera optimized to image the prostate. Functional PET imaging will help detect malignant tumors in the prostate and/or prostate bed to confirm an increased PSA level, as well as possibly help determine tumor "aggressiveness" based on metabolic uptake levels, in order to help guide whether to treat suspected prostatic cancer. Although not optimized to detect distant metastatic disease, this compact PET camera should also image local spread beyond the prostate bed to help guide treatment decisions such as whether a narrow or wide irradiation treatment field is needed.
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II. CAMERA DESIGN
These new prostate tracers motivate us to design a low cost PET camera optimized to image the prostate. Coincidence imaging of positron emitters is achieved using a pair of external curved detector banks, one placed above and one below the patient. Fig. 2 shows the transaxial and sagittal views of the proposed camera design. The bottom bank is fixed below the patient bed, and the top bank moves upward for patient access and downward for maximum sensitivity. Each bank consists of 40 conventional block detectors such as those in the Siemens/CTI ECAT HR+ (8 x 8 array of 4.5 mm x 4.5 mm x 30 mm BGO crystals), forming two arcs with a minor axis of 44 cm and major axis of 60 cm. The proposed prostate camera has one-half the axial coverage and uses about one-fourth the number of detectors as in a conventional PET system. However, since the average distance to the detectors is approximately one-half that of a conventional 2D PET system, the solid angle for a central source is approximately double.
Individual detector modules are angled to point towards the camera center near the prostate location in order to reduce penetration effects (in the detector) for annihilation photons originating in the prostate, which is an unique feature for a non-circular camera geometry. Annihilation photons from other parts of the field of view (FOV) will suffer increased penetration effects, but these FOV regions are less important. Both detector banks are tilted to image the prostate while minimizing attenuation (i.e., above the buttocks and below the stomach), but the gantry can also allow zero tilt for thin patients. The patient is not fully encircled in 2D, which will be discussed further in Section III.
Standard block detectors with thick gamma ray detectors (i.e., 3 attenuation lengths) are needed for good detection efficiency. Narrow detector elements (i.e., 4.5 x 4.5 x 30 mm BGO crystals) are desired to achieve good spatial resolution. The 511 keV photons of primary interest originate from the prostate which is roughly a small (e.g., 3 cm diameter) spherical source with a known central location at a reasonable distance from detector modules, so expensive detector modules with depth of interaction capability are not necessary. A two ring camera is more practical for patient positioning. Therefore, our proposed camera design attempts to maximize performance while minimizing cost, in order to produce a PET camera with nearly twice the detection efficiency as a conventional 2D PET camera with approximately one-quarter the detector costs.
The camera design also includes shielding, as shown in Fig. 3 . Inter-plane septa extend 5 cm beyond the scintillator crystals to reduce background events from random coincidences and from photons that Compton scatter in the patient. Lead shields are also used on the ends to reduce activity from outside the field of view.
III. EXPECTED PERFORMANCE

A. Simulation
Our camera geometry provides a compact design (i.e., 44 cm minor axis between opposing detector faces) that adjusts vertically to fit the patient. However, a patient of average size will not be fully encircled by the detector rings, as mentioned in Section II. Fig. 4 shows the resulting irregular and incomplete sampling due to the side gaps. Similar irregular and incomplete sampling patterns have been dealt with in our positron emission mammography camera [21] . Despite this incomplete sampling, we are able to reconstruct nearly artifact free images in the region of interest by using an iterative reconstruction as described below. This iterative reconstruction algorithm can easily deal with the missing data of the system and can also partially recover the resolution loss (due to the crystal penetration effect) in the off-center FOV region. The gap size will increase for larger patients and this may impact the image quality, but we have not yet explored the effects of variations in gap size.
Our camera design includes inter-plane septa, so the data will be acquired in 2D. We use Monte Carlo data to simulate the camera performance. Reconstructions are performed with an iterative maximum likelihood algorithm [22] . Selfattenuation is simulated assuming a constant attenuation coefficient of 0.0095/mm inside the body, then attenuation is modeled in the reconstruction. Coincidences between detector modules within the same bank are allowed. Fig. 5 shows an image of five point sources that are reconstructed without statistical noise to demonstrate how irregular sampling affects the local response function. All point sources are clearly visible. We observe increased radial blurring near the outer surface of the patient as expected due to penetration effects, but observe good resolution in the region near the center (i.e., near the prostate). In short, we are optimizing resolution at the center near the prostate at the price of resolution at the edges, which implies that distant 
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Inter-plane Septa metastases will suffer from some resolution degradation. Data are generated by forward projection of 256x256 2 mm x 2 mm phantom voxels to simulate real data, and reconstruction is done with 128x128 4.51 mm x 4.51 mm pixels, thus causing some point source spread among adjacent pixels.
As we are planning to use iterative methods to reconstruct images, the anticipated spatial resolution will depend on the geometrical parameters used for reconstruction (e.g., the voxel size and detector model) as well as the number of events. Thus, it is difficult to derive meaningful estimates of the expected spatial resolution from the test image in Fig. 5 . Therefore, we estimate the spatial resolution analytically with the help of a simplifying assumption. That assumption is that if two tomographs employ the same scintillation material, the contribution of penetration to the spatial resolution for a source at any position within either camera depends only on the angle θ that the incoming gamma ray makes to the axis of the detector crystals (see Fig. 6 ). Given this assumption, we can use measured spatial resolutions [23] to estimate the resolution for the proposed camera. Fig. 6(b) shows the anticipated spatial resolution obtained in this manner as a function of distance from the center of the field of view (along both the x-and y-axes). Notice that little degradation due to penetration artifacts is seen for objects within 5 cm of the camera center, and that 6 mm fwhm or better resolution is obtained within 8 cm of the camera center. This region is easily large enough to contain the entire prostate.
We also use Monte Carlo data to simulate the performance of our proposed camera for imaging extended sources. Extended "prostate" sources are reconstructed with statistical noise representing 745 kcounts using a preliminary iterative maximum likelihood algorithm. We assume a 2.5 cm diameter spherical "prostate" (see fig. 7(a) ) with a tumor to background ratio of 2:1, a 30% scatter fraction and 20% randoms fraction. The images are post-filtered with a Gaussian function having a standard deviation of 1 pixel. The spherical "prostate" is divided into quadrants. Fig. 7 (b) shows a reconstructed image with a tumor in the upper left quadrant of the spherical prostate. Fig. 7 (c) shows a reconstructed image with a tumor in the right half of the prostate. Fig 7 (d) shows a reconstructed image with a tumor in the upper right and lower left quadrants. These "prostate" tumors are clearly visible in all images, demonstrating that we can reconstruct nearly artifact free images near the prostate despite incomplete sampling and that the scanner can differentiate partial and whole prostate tumors. Our preliminary rate calculations (described below) indicate that 745 kcounts per imaging plane will be achievable with a 6-minute scan after injecting a clinically acceptable (10 
B. Estimated Rates
The average distance between detector banks in our proposed camera is approximately one-half that of a conventional PET system such as the HR, so our sensitivity per slice is nearly 2 times higher than the HR (i.e., our detectors will have nearly twice the rate). However, our camera also has half the number of imaging planes, resulting in a total system rate that is approximately the same as the HR. Forty five minutes after injecting 15 mCi of FDG into an average-sized patient (i.e., with ~10 mCi remaining in the patient), we see a 50 kHz total coincidence rate using a HR scanner. Therefore, our total system coincidence rate is expected to be approximately 50 kHz, with a detector live time of at least 80%.
For our proposed camera geometry, there are 166 total cross planes. Assuming a 50 kHz total coincidence rate, this implies a rate of 300 Hz per cross plane. Summing over 7 cross plane slices per imaging plane, this corresponds to a 2 kHz coincidence rate per imaging plane. Therefore, 745 kcounts per imaging plane will be achievable with a 6-minute Fig. 6 : (a) Proposed prostate PET camera drawing shown with a source within the camera. The angle θ is defined to be that which an incoming gamma ray makes to the axis of the detector crystal. (b) The anticipated spatial resolution for the proposed prostate PET camera as a function of distance from the center of the field of view along both the x-(square) and y-(circle) axes, based on measured spatial resolutions with a circular tomograph. Little degradation due to penetration artifacts is seen for objects within 5 cm of the camera center, and 6 mm fwhm or better resolution is obtained within 8 cm of the camera center. Plot also shows spatial resolution for the reference circular PET camera as a function of distance from the center of the FOV along the x-(triangle) axis.
scan after injecting a clinically acceptable (10 mCi) patient dose of [ 11 C]choline or [ 18 F]fluorocholine. Rates are also computed using analytic estimates that were developed in our research group [24] and fit to published sensitivity and backgrounds of the HR tomograph [25] . They assume a 10 mCi injection of [ 11 C]choline or [
18 F]fluorocholine uniformly distributed in a 70 kG subject (torso 36 cm major axis, 17 cm minor axis), resulting in an activity concentration of 0.15 µCi per ml. These calculated rates are in agreement with patient data within a factor of 2.
IV. DATA CORRECTION This design does not include hardware for obtaining data to perform attenuation correction. The proposed design has sufficient room to incorporate a single photon or positron emitting source for transmission scans, but it would add to the camera cost. However, many clinical whole-body PET scans are done without an attenuation scan so it may not be necessary for the detection of abnormal activity in the prostate bed. A practical approach is to correct without additional hardware using calculated attenuation coefficients based on body contours (obtained from emission data) and an uniform attenuation coefficient. Anatomical boundaries are obtained from the outer edges of emission sinograms acquired from transverse sections [26] . This method can be generalized to three dimensions, and a uniform soft tissue attenuation coefficient can be used to compute the attenuation correction factors. This method assumes that the distribution of attenuating medium is uniform, that its external boundary is convex, that the attenuation coefficient for 511 keV photons in soft tissue is uniform, and that inter-subject variability is small. These assumptions should be valid for the geometry and anatomy being imaged in this work. Attenuation can also be estimated using X-ray CT images to identify tissue types (bone, soft tissue, air, etc.), but this requires a second imaging procedure.
Because of the unusual geometry of our proposed camera, the sensitivity of each line of response depends on the distance between the two detectors; the shorter the distance is, the higher the sensitivity. Normalization will include geometric correction (sensitivity changes caused by the septa that are not modeled in the solid angle computation), block effect correction, individual detector sensitivity correction, and dead time correction. These factors will be obtained using a scan of an uniform activity cylindrical source such as used in conventional PET scanners. However, because of our specialized geometry and lack of rotational symmetry, the method for deriving the first two factors will be different from that of circular systems and may require a longer scan time to achieve good count statistics.
Random events will be estimated using the delayed window technique. Instead of pre-subtracting histogrammed data, delayed events will be saved in the list mode data stream with a tag to distinguish them from prompt events. Such information can be used to obtain a better estimate of the mean of the random events [27] . For our statistical reconstruction algorithm, the estimated randoms will be included in the forward model in reconstruction. Anatomical registration can be done using ultrasound or a point source.
V. DISCUSSION This project is in its infancy, so there are many remaining uncertainties such as: which radiopharmaceutical will be used, the specific requirements for the radiopharmaceutical and imaging procedure, and the accuracy that physicians would require to perform effective diagnosis and evaluate response to therapy. However, new PET radiopharmaceuticals have recently demonstrated promising results in the sensitive detection of prostate cancer. Hence, a low cost PET scanner coupled with a 18 F-based isotope could make PET diagnosis of prostate cancer more clinically available. This PET camera design is also likely to out-perform whole body PET for this task, as its 2 times higher sensitivity will help for the short scans that appear to be necessary with choline-like radiopharmaceuticals due to bladder accumulation. We believe that providing improved PET imaging performance near the prostate bed at lower cost (than commercial PET) is clinically significant, outweighing the trade-off of some resolution degradation for distant metastases.
VI. CONCLUSION
Promising new PET tracers for prostate cancer, such as [
11 C]choline and [ 18 F]fluorocholine, motivate us to build a low cost PET camera optimized for prostate imaging. Monte Carlo simulations demonstrate the feasibility of detecting and differentiating partial and whole prostate tumors with a tumor to background ratio of 2:1, using a 6-minute scan after a 10 mCi injection. Thus, the proposed camera will image prostate tumors with good spatial resolution and image contrast at low cost relative to commercial PET scanners.
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